Abstract Understanding collagen fiber remodelling is desired to optimize the mechanical conditioning protocols in tissue-engineering of load-bearing cardiovascular structures. Mathematical models offer strong possibilities to gain insight into the mechanisms and mechanical stimuli involved in these remodelling processes. In this study, a framework is proposed to investigate remodelling of angular collagen fiber distribution in cardiovascular tissues. A structurally based model for collagenous cardiovascular tissues is extended with remodelling laws for the collagen architecture, and the model is subsequently applied to the arterial wall and aortic valve. For the arterial wall, the model predicts the presence of two helically arranged families of collagen fibers. A branching, diverging hammock-type fiber architecture is predicted for the aortic valve. It is expected that the proposed model may be of great potential for the design of improved tissue engineering protocols and may give further insight into the pathophysiology of cardiovascular diseases.
cular tissues, such as arteries (Niklason et al. 1999 ) and aortic heart valves (Hoerstrup et al. 2000) . In addition, it may give further insight into the effects of mechanical factors on the pathophysiology of cardiovascular diseases, such as atherosclerosis and the formation of aneurysms. Focus in literature has been primarily on the remodelling of the collagen architecture as this is considered to be the main load-bearing component in cardiovascular tissues. Mathematical models can be of great value to gain insight into these remodelling processes and have the capability to infer possible mechanisms involved in these complex processes. Moreover, it is expected that these models can be employed to obtain a more complete understanding of the structurefunction properties of cardiovascular tissues and create the opportunity to incorporate the inhomogeneous collagen architecture in tissues with complex geometries or loading conditions. Humphrey (1999) studied collagen remodelling in soft connective tissues by considering the deposition and degradation of collagen fibers. Boerboom et al. (2003) and Driessen et al. (2003a,b) modeled mechanically induced collagen fiber remodelling in the aortic valve by assuming that collagen fibers aligned with the strain field and that the collagen content increased with the fiber stretch. With these models, promising results were obtained and the predicted circumferential alignment of the main fiber direction agreed qualitatively with the measured fiber architecture in native aortic valves (Sacks et al. 1997) . However, these models also predicted the presence of radially oriented secondary fiber populations whereas these are scarcely present in native valves. In addition, with these models, the typical helical fiber architecture in the arterial wall could not be explained. Therefore, the model was modified to study collagen remodelling in the arterial wall and it was hypothesized that the collagen fibers aligned with preferred directions which were situated in between the principal loading directions (Driessen et al. 2004) . The predicted fiber directions in the arterial wall represented symmetrically arranged helices and the results agreed qualitatively with data from literature (Rhodin 1980; Finlay et al. 1995; Holzapfel et al. 2002) . Subsequently, this framework was applied to study collagen remodelling in the aortic valve (Driessen et al. 2005a ) yielding a fiber architecture that represented a branching hammocktype structure which agreed with observations from literature (Sauren 1981) . Wilson et al. (2006) employed the same framework to predict the collagen architecture in articular cartilage. However, in these studies only a limited number of fiber directions was employed, whereas measurements demonstrate that multiple fiber directions are present in cardiovascular tissues (Sacks et al. 1998; Holzapfel et al. 2002) . In addition, Billiar and Sacks (2000a,b) demonstrated that incorporating the angular distribution of collagen fibers is required to accurately describe the complex biaxial mechanical behavior of the aortic valve. Therefore, Driessen et al. (2005b) employed a structurally based constitutive model that contains parameters to incorporate the angular distribution of collagen fibers in cardiovascular tissues and applied it to describe the mechanics of human tissue-engineered heart valve leaflets (Driessen et al. 2007) .
The objective of the present study is to model mechanically induced changes in the angular collagen fiber distribution in cardiovascular tissues. In order to accomplish this, the structurally based constitutive model and the hypothesis for collagen remodelling are integrated. We focus on remodelling of the angular fiber distribution only and assume other properties of the collagen architecture (e.g., collagen content, collagen type and collagen cross-links) to be unaffected by the remodelling process. Based on observations of the collagen fiber architecture in uniaxially (e.g., tendons, ligaments) and biaxially loaded tissues (e.g., arterial walls, heart valves), we postulate the following hypotheses. For uniaxial loading conditions, the fibers align with the major loading direction and the dispersity of the fiber distribution decreases (i.e., the fibers become more aligned resulting in a uniaxial fiber distribution). For biaxial loading conditions, on the other hand, the collagen fibers align with preferred directions situated in between the principal loading directions and the dispersity of the distribution increases (i.e., mechanical anisotropy decreases). Finally, for equibiaxial loading conditions, the angular fiber distribution becomes isotropic or uniform. To demonstrate its capabilities, the model is applied to study remodelling of the fiber architecture in the arterial wall and aortic valve. Although we focus primarily on mechanical deformation (i.e., strain) as a stimulus for collagen remodelling, stress-driven remodelling laws are addressed as well, inspired by studies of Olsen et al. (1999) , Baek et al. (2006) and Hariton et al. (2006) who consider stress-induced alignment of collagen fibers in wound healing and arterial walls.
Materials and methods

Constitutive law
The arterial wall and aortic valve are modeled as incompressible composite materials, consisting of an isotropic matrix contribution and an anisotropic fiber contribution (Driessen et al. 2005b ). The total Cauchy stress (σ ) is split into a hydrostatic pressure (p) and an extra stress (τ ):
The extra stress is written as
withτ the isotropic matrix stress, φ f the fiber volume fraction, ψ f the fiber stress, e f the current fiber direction and N the number of fiber directions. The matrix material is modeled as a Neo-Hookean material with shear modulus G:
The left Cauchy-Green deformation tensor (B) is calculated from B = F · F T , with F the deformation gradient tensor. The current fiber direction can be calculated from the fiber direction in the undeformed configuration ( e f 0 ):
with λ f the fiber stretch:
and C = F T · F the right Cauchy-Green deformation tensor. The angular fiber distribution can be incorporated into the constitutive model by specifying an appropriate set of fiber contents (φ f ) and fiber directions ( e f 0 ).
In order to incorporate the angular fiber distribution, the fiber directions are defined in a coordinate system spanned by the vectors v 1 and v 2 : Fig. 1 
where γ i is defined with respect to v 1 in the plane spanned by v 1 and v 2 (Fig. 1a) . For the fiber volume fractions a periodic version of the normal probability distribution function is used (Gasser et al. 2006) :
with α the main fiber angle and β the dispersity of the fiber distribution function (Fig. 1b) . The scaling factor A is defined such that the total fiber content equals φ tot . Note that in previous studies (Billiar and Sacks 2000b; Driessen et al. 2005b Driessen et al. , 2007 a normal probability or Gaussian function was used, in contrast to Eq. (7). In addition, in previous studies, the fiber distribution parameters were kept constant whereas these are subjected to remodelling in the current study.
Collagen fiber remodelling
It is assumed that the preferred main fiber directions (α p ) are situated in between the local directions v 1 and v 2 . In order to specify the value of α p , we introduce stimulus functions in the direction of v 1 and v 2 (g 1 and g 2 , respectively). The preferred main fiber direction is then defined as:
The functions g 1 and g 2 (Fig. 2a ) are still to be specified and indicate the degree of alignment of the preferred main fiber direction with the local direction v i (i = 1, 2). That is, a high value of g i indicates that the preferred main direction is close to v i . When g 1 is much larger than g 2 (i.e, g 1 >> g 2 ), then α p → 0 o . On the other hand, when g 2 is much larger than g 1 (i.e., g 1 << g 2 ), then α p → 90 o . Finally, when g 1 and g 2 are nearly equal (i.e., g 1 g 2 ), then α p → 45 o . To preserve material symmetry, two (preferred) main fiber directions are used in this study which are situated at γ = ±α. Note that the assumption for the preferred main fiber direction in Eq. (8) agrees with the previous hypothesis for collagen fiber remodelling (Driessen et al. 2004 (Driessen et al. , 2005a Wilson et al. 2006 ) when the directions v 1 and v 2 coincide with the principal loading directions.
For the preferred value of the dispersity (β p ), the following expression is used:
with k a scaling factor. Equation (9) implies that when the value of the stimulus function in one direction is much larger than the value in the other direction (i.e., g 1 >> g 2 or g 1 << g 2 ), then a uniaxial fiber distribution (i.e., β p → 0) is obtained. On the other hand, when the values of the stimulus functions in both directions are nearly equal (g 1 g 2 ), then a uniform or isotropic fiber distribution (β p → ∞) is obtained (Fig. 2b) . The (preferred) dispersities of the two fiber distribution functions are assumed to be equal.
The evolution of the main fiber direction and the dispersity of the fiber distribution function are subsequently modeled by first order rate equations:
with τ a and τ b the time constants of the remodelling process.
Balance equations
The finite element (FE) method (Bathe 1996) is employed to solve the equations for conservation of momentum:
and the continuity equation for an incompressible solid: 
where J = det(F) represents the volume change between the initial and the current configuration. The computational framework is implemented in the software package SEPRAN (Segal 1984) and for further details the reader is referred to Driessen et al. (2005a,b) .
Geometry and boundary conditions
Arterial wall
The arterial wall is modeled as a single-layered thickwalled cylinder and the FE mesh is shown in Fig. 3a .
Geometrical parameters are taken from Holzapfel et al. (2000) and the inner radius and thickness of the cylinder are set to 0.71 and 0.39 mm, respectively. Because of symmetry, only 1/4 of the cylinder is used in the FE simulations. At the symmetry planes, displacements in normal directions are suppressed. At the horizontal surfaces, displacements in the axial direction are prescribed to apply an axial pre-stretch (λ z ) of 1.2 and at the inner side of the arterial wall a pressure (p i ) of 13 kPa is applied.
Aortic valve
A stented valve geometry is used ( Fig. 3b ) and because of symmetry only 1/6 of the valve is used in the FE simulations. Geometrical parameters are obtained from Driessen et al. (2005b) and the radius and thickness of the leaflets are set to 12 and 0.46 mm, respectively. At the symmetry surface, displacements in normal directions are suppressed and nodal displacements at the top curve of the fixed edge are set to zero. For simplicity, coaptation of adjacent leaflets is left out of consideration and to model the diastolic transvalvular pressure a uniform pressure of 12 kPa is applied to the leaflets.
Parameters
Arterial wall
For the fibers in the arterial wall, the following constitutive equation is used :
In accordance with previous parameter identification to comply with experimental observations, the fiber material parameters k 1 and k 2 are set to 9.47 kPa and 0.81 based on the values for the media layer of a rabbit carotid artery Driessen et al. 2005b) . The value for the shear modulus of the matrix material G and the total fiber volume fraction φ tot are set to 3.0 kPa and 0.5, respectively Driessen et al. 2005b ). The directions v 1 and v 2 are assumed to coincide with the circumferential and axial direction of the arterial wall, respectively.
Aortic valve
For the fibers in the aortic valve, the following stressstretch relationship is assumed:
Based on previous parameter identification for native porcine aortic valve tissue, the parameters k 1 and k 2 are set to 0.7 kPa and 9.9, respectively (Billiar and Sacks 2000b; Driessen et al. 2005b ). In addition, G = 50 kPa and φ tot = 0.5. The directions v 1 and v 2 are obtained from the principal loading directions in a leaflet with isotropic mechanical properties (Driessen et al. 2005b ). The direction v 1 is chosen to coincide with the major principal loading direction and v 2 is subsequently constructed orthogonal to v 1 in the plane of the leaflet using the normal ( n) of the leaflet (i.e., v 2 = v 1 × n). Note that v 1 basically coincides with the circumferential direction of the aortic valve leaflet, whereas v 2 corresponds to the radial direction (Fig. 4 ).
Remodelling
In order to specify the stimulus functions g i (i = 1, 2) in Eqs. (8) and (9), both a strain-based and a stress-based approach are adopted. For the strain-based remodelling algorithm the stimulus functions are set equal to the strains ( i ) in the direction of v i :
For the stress-based approach, on the other hand, the stimulus functions are set equal to the extra stresses (τ i ) in the direction of v i :
where v def i denotes the direction of v i in the deformed configuration. Equations (8), (9), (16) and (17) imply that for a uniaxial loading condition (g 1 = 0 and g 2 = 0 or g 1 = 0 and g 2 = 0), all fiber directions align with the major loading direction (α p = 0 o , β p = 0). In case of a biaxial loading condition (g 1 = 0, g 2 = 0), the two fiber families are situated in between v 1 and v 2 with the main orientation and dispersity (α p = 0 o , β p = 0) depending on the ratio of the stimulus functions. And for an equibiaxial loading condition (g 1 = g 2 ), the fibers are distributed uniformly (β p → ∞) in the plane of v 1 and v 2 . The parameter k that controls the value of the preferred dispersity of the fiber distribution function in Eq. (9) is arbitrarily set to 1.0. Time is scaled with τ = 1 s and the values of τ a /τ and τ b /τ are both set to 1.0. To prevent numerical problems with the expression for β p in Eq. (9), the maximum and minimum values of the preferred dispersity are set to 100 and 0.01, respectively. These maximum and minimum values represent a uniform and uniaxial fiber distribution.
Analyses and parameter variations
To start with isotropic mechanical properties, a uniform fiber distribution (with initial values for α and β of 45 o and 100, respectively) is used. After the pressures have been applied, the remodelling algorithm is applied until the steady-state values of the fiber distribution parameters are obtained. Both the results of a strain-based (Eq. (16)) and a stress-based (Eq. (17)) remodelling algorithm are addressed. For the arterial wall, the value of k is changed from 1.0 to 5.0 to study the effects of an increased dispersity, and λ z is increased from 1.2 to 1.6 to simulate the effects of an increased axial pre-stretch (Table 1) . For the aortic valve, G is decreased from 50 to 25 kPa to show the consequences of a reduced matrix shear modulus (Table 2) .
Results
Arterial wall
The predicted main fiber angle α and dispersity β of the fiber distribution after the remodelling process as a function of the radial position in the arterial wall are shown in Fig. 5 . The results obtained with the reference values of the parameters from Table 1 (case 1a) indicate that the main fiber angle as well as the dispersity increase from the inner wall towards the outer wall. This is caused by the fact that the circumferential strains decrease as a function of the radial position, whereas the axial strain remains constant (due to λ z ). In other words, the ratio of the stimulus functions g 1 /g 2 decreases from the inside to the outside. The corresponding angular fiber distributions at the inner wall (α = ±16 o and β = 0.4) and at the outer wall (α = ±34 o and β = 2.0) are shown in Fig. 6 . The predicted main fiber directions at γ = ±α represent two helically arranged families of fibers, oriented in between the circumferential and axial direction. The main fiber angle shifts from a circumferential orientation (γ = 0 o ) towards the axial direction (γ = ±90 o ). At the same time, the dispersity increases and the fiber distribution becomes more uniform or isotropic. Switching the stimulus functions from strain-based (g i = λ i − 1 = i ) to stress-based (g i = τ i ) results in a strong decrease of α and β (case 1b). This is caused by the fact that the ratio of circumferential and axial stresses is much larger than the ratio of the strains (i.e., τ 1 /τ 2 > 1 / 2 ) due to the nonlinearity of the constitutive equations for the arterial wall. Increasing the dispersity parameter from 1.0 to 5.0 (case 1c) hardly affects the main angle α, but clearly causes an increase in the values of the dispersity β. Increasing the axial pre-stretch λ z (case 1d) from 1.2 to 1.6, on the other hand, causes an increase of α and β. This increase in λ z causes the circumferential and axial strains to become closer to each other. Even at r 0 = 0.80 mm they become equal and as a result α becomes 45 o and β becomes very large (β → ∞). Thereafter, the axial strains are larger than the circumferential strains and, consequently, α is larger than 45 o and the dispersity β decreases.
Aortic valve
In the commissure region and near the free edge, the leaflet is mainly loaded uniaxially. Consequently, the main fiber angle α and the dispersity β become zero (Fig. 7a ). This represents a uniaxial fiber distribution with locally all fibers oriented in the same direction. In the belly region, on the other hand, the leaflet is loaded biaxially which results in values for α and β unequal to zero. The corresponding fiber architecture is shown in Fig. 8 . In the uniaxially loaded regions, the two main fiber families coincide and consequently only one fiber direction can be distinguished. Toward the belly region of the leaflet, the two fiber families start to diverge and two directions can be discriminated. These predicted directions represent a branching fiber architecture that resemble a hammock-type structure. Using a stressbased remodelling algorithm (case 2b) instead of strainbased, decreases the values of α and β in the belly region of the leaflet (Fig. 7b) . This is again caused by the nonlinear expression of the constitutive equation. I.e., for the stimulus functions in the belly region, the ratio of stresses is much larger than the ratio of strains. Decreasing the shear modulus of the matrix material (case 2c), on the other hand, increases the size of the biaxially loaded belly region. Consequently, this causes an increase in the values of α and β (Fig. 7c) . Decreasing the matrix shear modulus increases the anisotropic nature of the mechanical behavior of the leaflet and causes a more pronounced biaxial loading condition. This phenomenon was also reported in a previous study (Driessen et al. 2005a ). The evolutions of the main fiber angle and dispersity for a node in the belly region of the leaflet as a function of scaled time (t/τ ) are shown in Fig. 9 . The values at t/τ = 0 denote the initial values of α (= 45 o ) and β (= 100). For the cases with the reference values (case 2a) and the decreased shear modulus (case 2c), α first decreases but slightly increases thereafter towards a stable value (Fig. 9a) . For the stress-based situation (case 2b), on the other hand, α decreases monotonically to reach its steady-state value. This is probably caused by a 'positive-feedback' character of the remodelling framework for the stress-based case. That is, rotating the fibers towards the direction with the highest stresses causes the stresses in this direction to increase which might cause a further increase of the amount of fibers in this direction, and so on. At this point, it is worth noting that this process might be unstable and is further addressed in Sect. 4. The dispersities β decrease monotonically to their steady-state values for all the three cases considered (Fig. 9b) . 
Discussion
In the present study, a computational framework is presented to investigate mechanically induced remodelling of the angular collagen fiber distribution in cardiovascular tissues. A structurally based constitutive model is employed that contains parameters to incorporate the collagen fiber architecture (Driessen et al. 2005b ) and is extended with remodelling equations to account for changes in the fiber architecture (Driessen et al. 2004 (Driessen et al. , 2005a . The model contains two structural parameters to describe the angular fiber distribution, i.e., the main fiber direction α and the dispersity β, and remodelling equations are defined to study mechanically induced changes in the fiber distribution. The model is applied to study collagen remodelling in the arterial wall and in the aortic valve, and strain-induced as well as stress-induced remodelling of the collagen architecture is addressed. For the arterial wall, the model predictions show that the main fiber direction shifts from a circumferential orientation at the inner wall towards an axial orientation at the outer wall. In addition, the dispersity of the fiber distribution at the inside is larger than at the outside (Fig. 6 ). These observations agree to some extent with morphological measurements from literature which reveal that the fibers in the media are circumferentially and coherently aligned, whereas in the adventitia, the pitch of the helically arranged fibers and the dispersity of the fiber distribution increase (Rhodin 1980; Canham et al. 1997; Finlay et al. 1995; Holzapfel et al. 2002; Gasser et al. 2006) . In this study, however, the arterial wall is for simplicity modeled as a one-layer material, but obviously in future studies a two-layer structure (consisting of a media and adventitia) should be considered and the effects of residual stresses (modeled by an opening angle, see Fung 1990; Holzapfel et al. 2000) on the remodelling process could be incorporated. In that case, the distinct jump in fiber orientations between the media and adventitia of native vessels might be explained by employing different remodelling laws and reference configurations for the two layers of the arterial wall (Driessen et al. 2004) .
For the aortic valve, the predicted fiber directions resemble a hammock-type fiber architecture with a uniaxial fiber distribution in the commissure region and a branching, diverging fiber architecture in the belly region of the leaflet (Fig. 8) . These findings are also in accordance with observations from literature which reveal that the fibers in the aortic valve are mainly running in the circumferential direction from commissure to commissure, whereas in the center more diverging bundles can be observed (Sauren 1981) . In addition, the results are in accordance with Sacks et al. (1998) who have demonstrated that the collagen fibers in the commissure region are more aligned when compared to the belly region. A relatively high value for the shear modulus of the aortic valve matrix material is used to stabilize the finite element simulations and to prevent numerical problems. Further decreasing the matrix shear modulus will cause a more biaxial loading condition in the belly region of the leaflet, i.e., the ratio of radial and circumferential strains increases. It might even be possible that the radial strains become larger than the circumferential strains (Lo and Vesely 1995; Driessen et al. 2005b ). In the context of the proposed remodelling framework in the present study, this would result in an unrealistic predicted fiber architecture with more radially oriented instead of circumferentially oriented fibers. In that case, a stress-based remodelling algorithm would be more feasible because the circumferential stresses in the leaflet are larger than the radial stresses (Driessen et al. 2005b) .
It is clear that at this point, only a qualitative comparison is made and that a quantitative comparison still needs to be assessed. Techniques that are based on small angle light scattering (Sacks et al. 1997) , polarized light microscopy (Tower and Tranquillo 2001; Doehring et al. 2005) or confocal laser scanning microscopy (Brightman et al. 2000) enable us to measure the fiber architecture in cardiovascular tissues and might be beneficial to further validate the remodelling framework. Some of the remodelling parameters (e.g., stimulus functions g i and k) are chosen more or less randomly to demonstrate the effects of these parameters on the predicted fiber architectures. Eventually these experimental techniques should be used to assess the model parameters quantitatively by comparing the measured and predicted fiber architecture.
Based on previous collagen remodelling studies (Driessen et al. 2004 (Driessen et al. , 2005a Wilson et al. 2006) , we hypothesize that the main fiber directions are situated in between the principal loading directions. For the presented remodelling framework in this study, this assumption implies that the local directions ( v 1 and v 2 ) should coincide with the principal loading directions. This is the case for the arterial wall as the local directions and principal loading directions coincide with the circumferential and axial direction, and these do not change during the remodelling process. For the aortic valve, a deviation can be present, as the local directions are not always exactly aligned with the principal loading directions and these might change during remodelling. However, this deviation is relatively small (mean angular deviation < 10 o ) and it is expected that this does not affect the results significantly. A limitation of the model by Driessen et al. (2004 Driessen et al. ( , 2005a ) is its ambiguous behavior in (nearly) equibiaxial loading conditions, because in these cases the principal loading directions cannot be determined uniquely. As a consequence, the previous model predicted random preferred fiber directions that depended on the arbitrarily calculated principal loading directions. The present study overcomes this shortcoming by considering remodelling of the angular fiber distribution and predicts a uniform distribution in case of an equibiaxial loading condition. In addition, in previous collagen remodelling studies for the aortic valve (Driessen et al. 2003a (Driessen et al. , 2005a , the mechanical properties for the leaflet tissue were chosen more or less arbitrarily. However, in the current study, these parameters are obtained from literature based on experimental data. In case of a deformation-controlled loading condition, the stress-based remodelling algorithm might be unstable due to a 'positive-feedback' mechanism present in the model. When the deformation is fixed, all fibers will eventually align with the direction that initially carries the highest stresses. For example, when the stresses are highest in the direction of v 1 , the fibers will rotate toward this direction and α decreases. This causes a further increase in the stresses in the direction of v 1 which results in a further decrease of α and β, and so on. In this case, all fibers will eventually be aligned with v 1 (i.e., α → 0 o and β → 0). This also implies that the final solution might depend on the initial fiber architecture. It can cause problems in case of a stress-based remodelling algorithm for the arterial wall because the axial pre-stretch (λ z ) is fixed in the current model and we expect that applying an axial pre-stress might be more realistic in that case.
The strain-based and stress-based remodelling algorithms employed in this study both give reasonable and qualitatively comparable results, and the exact stimulus for remodelling remains presently unknown. Rodriguez et al. (1994) use stress as a growth stimulus and exclude strain as a possible stimulus because of the difficulty in defining a reference configuration in remodelling tissues. Cowin (1996) subsequently extends the theory of Rodriguez et al. (1994) to include the possibility of strain or rate of deformation as growth stimulus. Humphrey (2001) argues that cells cannot respond directly to the mathematical (not physical) concepts of strain or stress, but these concepts can be correlated with tissue remodelling using phenomenological relations or empirical correlations.
Although the model predictions agree qualitatively with observations from literature for native tissues, the mechanisms by which the cells remodel the collagen fiber architecture to adapt to changes in functional demands are not yet well understood. It is known that cells can reorganize the collagen fibers by reorientation and degradation of existing collagen fibers, and by synthesis and directed secretion of newly formed fibers (Nakatsuji and Johnson 1984; Trelstad 1984, 1986; Guidry and Grinnell 1985; Prajapati et al. 2000; MacKenna et al. 2000; Sawhney and Howard 2002) . However, experiments have to be performed to further clarify the exact mechanisms of these processes and to determine their relative contributions to collagen reorganization. Experiments with well-defined loading conditions should be employed (Mol et al. 2003; Balestrini and Billiar 2006) and the feasibility of assessing collagen remodelling in life tissue cultures with real-time visualization techniques should be further addressed (Krahn et al. 2006) .
We only describe changes in the collagen fiber distribution, but it might be desirable to also incorporate changes in collagen type, collagen content, fiber thickness and cross-linking into the model as these properties are also subjected to remodelling and play an important role in the mechanics of soft connective tissues (e.g., Doillon et al. 1985; Carver et al. 1991; Villarreal and Dillmann 1992; Dahl et al. 2005; Avery and Bailey 2005) . Remodelling of the elastin architecture will also be of interest as this is an important contributor to the mechanics of cardiovascular tissues (Vesely 1998; Holzapfel et al. 2000) and could be a missing link in tissue engineering of cardiovascular constructs (Patel et al. 2006) . Moreover, the arterial wall and aortic valve are loaded (quasi-) statically by assuming that the time constant of the remodelling process is much larger than the time constant of the pressure load. Consequently, the dynamic response of the tissues is not taken into account. Only the solid mechanics of the tissues is considered and any interaction with the surrounding fluid is omitted. Flow of the surrounding fluid induces shear stresses which are known to be important factors in cardiovascular remodelling (see, e.g., Humphrey 2002) . Whereas shear stresses might be computed easily in a straight arterial segment, more complex fluidsolid interaction models might be necessary for heart valves (Einstein 2002; de Hart 2002) . Finally, (volumetric) growth is not taken into account in the present study and, consequently, the volume and geometry of the tissues remain constant during remodelling. However, changes in geometry and the presence of residual stresses/strains (due to growth) might affect the mechanical loading condition and therefore the model predictions. Once these issues have been resolved, the presented model can be applied to further optimize the conditioning protocols and, consequently, the mechanical behavior of tissue-engineered arteries and heart valves (Niklason et al. 1999; Hoerstrup et al. 2000; Mol et al. 2006) . Finally, we expect that the remodelling framework might be employed to incorporate collagen fiber orientations in complex geometries, such as arterial bifurcations (Hariton et al. 2005) .
